techniques such as joint replacement and tendon transfers [6] . In addition, tactile sensors could be used in rehabilitation and for functional testing. For example, accurate measurement of hand forces would aid in documenting the progress of hand surgery patients. Existing functional measuring techniques are time consuming and often force the hand into unnatural grasps. The development of a small, reliable force sensor which could be distributed about the palm would greatly improve a surgeon's ability to plan and accurately evaluate a patient's progress in reconstructive surgery. Accurate force sensors are urgently needed for use with functional neuromuscular stimulation (FNS) [7] . Tactile sensors are necessary to provide force information feedback in FNS systems. Sensory substitution rehabilitation devices that compensate for loss of sensation in the hand are another area in need of tactile sensors [8] . Other areas which would benefit from the development of a tactile sensor include robotics, teleoperator systems, prosthetics, and the measurement of hand forces of workers.
B. Tactile Sensors
The development of a finger-mounted tactile sensor which meets the requirements necessary for typical applications has been elusive. Usable force sensors have been developed [4] , [9] , but a true tactile sensor has not. Many types of commercially available sensors have been investigated to some degree for applications in tactile sensing [3] , [10] . Although technology has rapidly progressed in the area of robotic end effector sensors, few researchers have attempted to specifically address the problems associated with tactile sensing in a clinical setting. Recent technological advances have provided small, thin sensors having promise for use in directly measuring individual finger forces during normal grasping activities. However, conventional force measurement sensors are inadequate for measuring hand forces produced during manual work activities and activities of daily living. Either they are too large and bulky for attaching directly to the hands or fingers without significantly degrading manual dexterity, or they are too fragile to withstand the high forces exerted by the hand.
Reston and Kolesar [11] have constructed a 5 5 robotic tactile sensor based on piezoelectric polyvinylidene fluoride (PVDF) film coupled to an integrated circuit. Although the array provided a linear output, its limited range and inability to measure static forces makes it a poor choice for a fingermounted tactile sensor. Germagnoli et al. [12] developed a fingertip 8 6 array sensor sensitive to all six independent 0018-9294/98$10.00 © 1998 IEEE stress tensors (based on previous work by De Rossi et al. [13] ) by careful orientation of PVDF sensing elements. The sensor sensitivity is low and requires amplification close to the sensor to achieve an adequate signal-to-noise ratio. Fellows and Freivalds [14] attached conductive polymer sensors to a garden-tool handle. Although these sensors are durable, they are pressure sensitive devices rather than true force sensors [15] . A conductive polymer force sensor for attaching to the palmar surface of the hand has been developed and rigorously tested [9] . Kaczmarek, et al. [16] has developed an electrotactile stimulation system which utilizes a glove with conductive polymer pressure sensors. However, these sensors are inaccurate and exhibit significant hysteresis. Although somewhat limited in range and resolution, these sensors are highly durable and practical for measuring individual finger forces exerted during submaximal pinch [17] . The Lord Industrial Automation (Covy, NC) sensor is a commercially available optical force sensor [18] . However, the sensors are too thick (28.4 mm) to be useful in finger-mounted applications. Neuman et al. [19] have developed a multielement capacitive sensing array. In actual use, crosstalk due to mechanical coupling between the capacitors resulted in significant errors. Temperature sensitivity ( 1.35 ) and drift (1.28 h) were also significant. Commercially available force sensors based on strain gages are widely available. They are more commonly called load cells. However, few are small enough to be used for tactile sensing. Those that are relatively small are expensive.
C. Silicon Tactile Sensors
Many silicon force sensors have been reported in recent years and silicon pressure sensors are widely available commercially, but are not useful as finger-mounted tactile because they: 1) are packaged in a bulky, hard thermoplastic case, 2) measure pressure, not force, and 3) lack over-load protection. Suzuki et al. [20] developed a silicon tactile imager based on an array of capacitive cells. Samaun et al. [21] developed an early piezoresistive-pressure sensor which could be catheter mounted. Lee and Wise [22] developed a silicon capacitivepressure sensor. Tanigawa et al. [23] developed a silicon pressure sensor with on-chip signal processing. Kane and Kovacs [24] report a tactile sensor capable of high-resolution imaging. The sensor uses a CMOS compatible process and can resolve both normal and shear stress. However, all of these sensors have a thin diaphragm and most target the problem of tactile imaging and are, thus, unsuitable for measuring finger and hand forces in clinical applications. Chu et al. [25] developed a silicon-based three-axial tactile sensor that holds considerable promise, but it is packaged using traditional integrated circuit (IC) mounting and wire bonding techniques. Sorab et al. [10] developed a system for measuring fingertip-applied forces during delivery of newborns, using piezoresistive silicon sensors that were placed on the clinician's fingertips. These sensors lacked durability and were not suitable for measuring forces during manual work and activities of daily living. Ko et al. [26] and Neuman et al. [27] developed a piezoresistive-pressure sensor and tested it on human subjects. Crago et al. [4] discuss the limitations of the sensor due to the size and stiffness of the sensor with respect to the finger. They conclude that to determine forces against a finger more accurately, a sensor must cover more of the finger and it must conform to its shape.
The sensor presented here addresses these shortcomings by focusing on flexible packaging, thick diaphragm, and over-force protection. The polyimide-based packaging scheme provides for a durable, flexible package which can be finger mounted. Since the details of the package durability testing and device fabrication are covered elsewhere [28] , [29] , this paper will provide only brief description of the overall fabrication process and focus on the characteristics of the finished sensor when mounted on human subjects.
II. DEVICE DESIGN AND FABRICATION
Barth et al. [30] developed a polyimide-based package for silicon temperature sensors. The package worked well for temperature profile measurements during hyperthermia treatment of cancer, but was not durable enough to withstand the rigors of tactile-sensing applications. These shortcomings have been overcome via the development of a flexible polyimide-based package, the addition of a solid dome which acts as a forceto-pressure transducer over the diaphragm and the use of a very shallow cavity under the diaphragm to provide over-force protection. The modifications to Barth's package described here create a new package durable enough for use as a fingermounted sensor. The tactile sensor is similar to a Band-Aid, where the gauze pad is the force sensor and the adhesive strip is a flexible runner for the electrical leads. An illustration of the sensor system is shown in Fig. 1(a) -(c). The finger-mounted sensor is shown in Fig. 3(a) . Note, the flexible leads allow the signal and power wires to be attached at the back of the finger away from the applied force. The connection to the silicon sensing element is an integral part of the packaging process, thus, the connection is flat and well protected (as compared to traditional IC wire-bonding techniques).
The sensor design is based on a silicon diaphragm structure instrumented with ion-implanted piezoresistors in a Wheatstone bridge configuration. The applied force is distributed across the diaphragm via the solid dome. The distributed force deforms the diaphragm giving rise to an output voltage proportional to the applied force for small deflections. At high forces, the diaphragm deflection is restricted by the cavity bottom limiting the maximum stress and extending the useful range of the sensor.
The fabrication process utilizes a combination of standard IC fabrication techniques and bulk micromachining techniques and is described in detail elsewhere [29] . A brief description is given here for completeness. Shallow (10-m deep) cavities are into a double-side polished wafer etched using potassium hydroxide and silicon fusion bonding is used to bond this wafer to a single-side polished wafer forming an array of sealed cavities. Piezoresistors are ion implanted at the edges of the diaphragm (two tangential and two radial resistors are used). A polyimide/metal/polyimide sandwiched lead structure is then used to connect the resistors in a Wheatstone bridge configuration. An isotropic bulk etchant is used to remove the majority of the silicon leaving two silicon islands per sensor. A circular island contains the sensing element. A rectangular island at the opposite end of the finished sensor package provides a rigid substrate to prevent lead delamination and to facilitate connector attachment. A Torlon dome is fabricated using traditional milling techniques and is attached over the diaphragm to provide force-to-pressure transduction between the applied load and the silicon diaphragm [29] . An epoxy bead is manually applied at all interfaces between the rigid silicon islands and the flexible polyimide leads. A thin layer of urethane is manually spread over the entire package to further enhance durability. The finished sensors are then removed using a razor blade. An illustration of a finished sensor is shown in Fig. 1(a) and (b) and a photograph showing a crosssectional view of part of the diaphragm, cavity and isotropic etch profile is shown in Fig. 1(c) .
Previous work demonstrated that increases in lead width provided increased durability [28] . As an extension of this result, a new lead style was designed to maximize the area of lead coverage at the silicon/polyimide interface. The lead style is shown in Fig. 1 . Fig. 2 . With the sensor mounted on a rigid substrate (i.e., bench testing), the performance is excellent with negligible hysteresis and good linearity prior to the diaphragm making contact with the bottom of the cavity.
III. EXPERIMENTAL METHODS

A. Bench Testing
The sensor was tested in two configurations: 1) mounted on a rigid substrate (i.e., bench testing), and 2) finger-mounted. The performance of the sensor in response to a variety of loads when mounted on a rigid substrate is described in detail elsewhere [29] . A typical dynamic calibration curve for the bench-mounted sensor is shown in Fig. 2 . Note the hysteresis is negligible and linearity ( 0.996) is good up to the point where the diaphragm deflection is limited by the cavity bottom.
B. Method of Sensor Attachment
While the performance of the sensor when mounted on a rigid substrate is of interest, many applications require that the sensor be mounted on less rigid substrates. For FNS uses, finger-mounting is required. To examine the usefulness of this sensor in these types of applications, finger-mounted tests were performed. By pinching the fingers together and observing the skin's deformation and subsequent return to its unloaded state, it is easy to observe that the human finger is less than ideal as a substrate for sensor mounting. It has hysteresis and is nonlinear [31] - [33] . For all finger-mounted tests the sensor was mounted on the pad over the distal phalanx on the thumb of the dominant hand as shown in Fig. 3(a) . The sensor was secured with Duraspore tape. To further secure the sensor and to hold the wires in place a thin, tight-fitting nylon glove (MEDTECH International, The DRYGARD Glove Liner, Altamonte Springs, FL) was used as shown in Fig. 3(b) .
C. Force Transmission (Dome Size)
In order to measure force using a pressure-sensitive device, an additional structure is required over the diaphragm so that any applied force is distributed across the diaphragm. A solid dome structure was chosen for this study. Two dome shapes where investigated as shown in Fig. 4 . The choice of Torlon, a polyamide-imide, was based on ease-of-use, stiffness, and machinability. The Torlon domes are attached to the diaphragm using cyanoacrylate ester (Tru-Bond, True Value, Chicago, IL). As shown in Fig. 5 , the dome size has an effect on the performance of the sensor in finger-mounted applications. The output is much greater when using a taller dome. The taller (1.5 mm) dome was used for all subsequent finger-mounted tests.
D. Dynamic Calibration
Dynamic calibration was performed on five subjects (one female, four male) varying in age from 24-62 y. A dual beam strain gage dynamometer was used as a reference and held between the thumb and forefinger for both tests. The dynamometer output was independent of load location along the beam [34] . The subject was instructed to slowly increase the pinch force to a maximum voluntary level and then to slowly release the pinch. The maximum level was defined as the force level at which the subject was willing to hold for at least 10 s. The subject was free to use as many opposing fingers as desired. In addition, the subject released their pinch and repositioned their fingers between each cycle. This led to increased variability, but it was representative of the way people grasp objects in daily living (i.e., grip sometimes varies even when grasping the same object). Five repetitions were performed on each subject. The first repetition was treated as practice and was not included in the analysis. Typical response curves are shown in Fig. 6(a) and (b) with the sensor output (mV) on the axis and the applied force ( ) or time ( ) on the axis. Calibration results were studied using analysis of variance to evaluate the differences between the means of four force levels (4, 8, 12, 16 ) . The -ratio ( ) is computed as the mean square (sum-of-squares divided by the degrees of freedom) divided by the mean square error (MSE). The percentile of the distribution ( ) is used to indicate the probability of rejecting the null hypothesis when it is true, or to determine the statistical significance of the effect [35] . Significance levels of less than 0.05 were considered statistically significant. The percent of the variance due to a particular factor can be determined by dividing the sum of squares for each factor of interest by the total sum of squares. While a zero-load offset voltage was present, the offset voltage was subtracted from all data to reflect zero output under no-load conditions for clarity and comparison purposes.
The main effects of force and loading direction (i.e., increasing or decreasing load) are statistically significant ( 0.05), as is the loading direction force interaction. The force effect accounted for 85.25% of the variance. Subject variability accounted for 8.7% of the variance, while loading direction accounted for 1.9% of the variance. The MSE accounts for less than 0.18% of the variance ( MSE 2.8 mV). This error term includes variance due to systematic errors. Overall the finger-mounted results show a great deal of promise for this sensor. For the dynamic calibration experiment, the sensor responded largely to force (85% of the variance). Hysteresis was small ( 6.7 mV) and repeatability on a given subject was excellent ( 0.2% of the variance). The analysis of variance (ANOVA) results are summarized in Tables I and II. Table III provides additional subject data and sensor means.
E. Tracking Experiment
To further evaluate the finger-mounted performance of the sensor, a tracking experiment was performed using four subjects. Each subject was asked to pinch the dynamometer to specific levels and hold that level of force for approximately 1-2 s. Visual force feedback information was provided to the subject on an oscilloscope. A run consisted of five consecutive pinch and hold patterns at five different force levels (3, 7, 10, 13, 16 ) . The order of the levels was randomized. Each run was repeated five times with the first repetition discarded. Fig. 7(a) and (b) shows typical sensor and dynamometer responses from two different subjects. Note that the accuracy of the sensor is dependent on the subject as illustrated in Fig. 8 . Fig. 9 illustrates the error trends for each subject.
F. Typical Task
One application for the tactile sensors is the measurement of hand forces on factory workers to study repetitive-motion TABLE I  ANALYSIS OF VARIANCE TABLE   TABLE II  PERCENT VARIANCE OF SIGNIFICANT SOURCES OF VARIATION   TABLE III  SUMMARY OF MEAN SENSOR OUTPUTS AND SUBJECT ATTRIBUTES injuries. To illustrate the usefulness of this sensor in such applications a simple manual repetitive task was used. The subject was asked to press four film canister covers onto canisters one at a time. The canisters were fixed to a rigid substrate in a linear array with a spacing of 10 cm. The subject was instructed to pick up a cover, place it on the canister, and push it until it was firmly seated. This was repeated until all four canisters were covered. The sensor was mounted on the thumb as described above. The subject was instructed to use his/her thumb to press the cover in place. Fig. 10 shows the force measured by the sensor during a typical run.
IV. DISCUSSION
The sensor, when mounted on a rigid substrate (i.e., bench tested), has excellent performance characteristics. The performance of the finger-mounted sensor, however, is degraded. This is not surprising considering the nonlinear characteristics of the complex tissue/bone substrate present during the fingermounted tests. The discussion will focus on the performance of (a) (b) Fig. 7 . The sensor output is very subject dependent: (a) subject 4 consistently registered low force levels and (b) subject 3 demonstrated more accurate output. Fig. 8 . The average error was subject dependent, but repeatability was good within a subject.
the sensor during the tracking experiments and how the sensor attributes (particularly, dome shape) affect performance.
A. Dome Size
Preliminary experiments with two different Torlon dome shapes showed markedly different effects on sensor calibration curves (see Fig. 5 ). The shape and general sensitivity of the sensor was different for each dome. The differences can be explained in terms of the mechanical interaction between the sensor and the finger and the relative sizes of the sensor and the finger. The rigid part of the sensor measures 8 mm in Fig. 9 . Error trends vary by load and subject. Three of the four subjects display an error which increases in magnitude with increasing load. -subject 1, }-subject 2, -subject 3, and 4-subject 4. Fig. 10 . The force measured by the prototype sensor while the subject placed four covers on four canisters. Fig. 11 . Some of the applied force may bypass the sensor leading to errors in force measurement.
diameter with the force sensitive portion measuring 4 mm centered within the 8-mm outer dimension. For all subjects, the 8-mm diameter was significantly smaller then the width of the thumb at the mounting location (minimum thumb width 23 mm). Thus, as the applied force increases the sensor begins to sink into the underlying tissue and a portion of the applied load bypasses the sensor entirely. This phenomena of force bypass can occur in different ways as illustrated in Fig. 11 . With the short dome, the majority of the applied force bypasses the sensor at lower forces. Fig. 5 illustrates this phenomena. As the applied force increases, an increasing portion of the load is "seen" by the sensor and the response curve starts to approach the slope obtained with the taller dome. In all cases, the net result is an error in the force measurement since the sensor sees only a portion of the total applied load. As the results in Fig. 5 show, this problem is minimized by using a taller dome. A taller dome, however, can become obtrusive. A better solution is to cover the entire contact area with an array of closely spaced sensors with short domes. The fabrication techniques used to build the sensor presented in this study make this design possible and arrays of sensors are currently being designed.
B. Durability
The durability of the sensor and sensor package is critical to use in biomedical applications. A finger-or hand-mounted sensor is subjected to a wide range of forces, temperatures, and chemicals. Previous work has demonstrated package durability of approximately one day using a standard rectangular lead configuration [28] . The primary failure mechanism was lead degradation at the interface between the rigid silicon sensing element and the flexible polyimide package. Closer examination revealed that the silicon taper at the sensing element periphery [shown in Fig. 1(c) ] undergoes a sequential cracking process with increasing loads. This cracking produces excessive stress in the leads immediately above the crack and eventually leads to lead failure. The use of arc lead patterns as shown in Fig. 1(a) maximizes the lead area at the sensing element periphery. Based on previous visual inspection of the cracking process, it seems unlikely that a single crack will traverse the entire arc. Thus, for lead failure to occur two or more cracks must link to completely open a lead. Also, the addition of the epoxy/urethane support material minimizes the cracking, further enhancing durability. The arc lead patterns were used in subsequent sensor fabrication, but quantitative durability tests have not been performed.
C. Sensor Performance
Jensen et al. [9] performed similar experiments using conductive polymer sensors. Individual finger forces were measured and compared to the total force measured by a dynamometer. For the index finger, they reported an average error of 1.0 , maximum error of 3.2 , and a standard deviation of 0.8 , for a 0-30-total force range. The diameter of the sensing element used was 12 mm compared to 4-mm diameter of the silicon sensor described in this study. The errors listed in Table II are similar to those reported by Jensen et al. [9] . This is encouraging since the sensor system described here is new, and we believe improvements are possible. Conductive polymer sensors, however, have been thoroughly investigated and further improvement in performance is unlikely.
The statistical analysis of both the calibration and tracking data show significant subject-to-subject variability. There are several reasons for this variability including the experimental methodology used and the anatomical differences between subjects. As described above, the subjects were given minimal instructions during both the calibration and tracking sessions. The subjects were told only to be sure that the sensor was in contact with the dynamometer. The subjects were free to use any pinch configuration (for example, they were free to use one or more opposing fingers in contact with the dynamometer). The freedom of the subject to pinch the dynamometer in a variety of ways may have contributed to the subject variability and to the variability within a subject. The subjects were given a chance to practice pinching the dynamometer before any data was collected. It was observed that subjects tended to choose a pinch configuration and then stick with it throughout the experiment. This would indicate that the lack of specific pinch instructions contributed mainly to the variability between subjects.
The mechanical characteristics of the finger varies between subjects. For example, the characteristics of a finger pad for a construction worker are, typically, significantly different than for an office worker. A construction worker may have calloused skin which provides a much stiffer backing for the sensor then the backing provided by the subtle finger pad of an office worker. These differences may give rise to variability in sensor performance between subjects and between bench (Fig. 2) and human subject [ Fig. 6(a) ] experiments due to different dynamics of the force bypass phenomena discussed above.
The positive error present in subject 2 during the tracking experiment may indicate that the subject used a different pinch configuration for the calibration runs than during the tracking runs. This is interesting because the experiments were both performed during one experimental session lasting 15-30 min. The only difference between the two experiments from a procedural perspective was the rate of loading. That is, for the dynamic calibration experiment the subjects pinched the dynamometer with a fairly constant loading and unloading rate, while for the tracking experiment the subjects were required to hold a specified level for a few seconds. In addition, they were able to freely vary the rate of loading when moving between levels. It is possible that theses differences lead to significantly different pinch configurations. For example, the subjects who exhibited positive errors during the tracking experiment may have been using a pinch configuration that exhibited high bypass errors during the dynamic calibration experiment. When they changed their pinch configuration for the tracking experiments less force bypassed the sensor leading to positive errors. A similar argument can be made for the subjects showing a negative error.
The error trends displayed in Fig. 9 indicate an influence of load magnitude on error and the error trends are also subject dependent. Two subjects showed an increasing negative error, one subject showed an increasing positive error, and one subject showed no obvious error trend. These trends are further evidence of differing pinch configurations and anatomical differences between subjects.
An array of closely spaced sensors has the potential to overcome these problems. For loads that are large (in terms of contact area) relative to the sensor spacing, the use of an array of sensors will minimize the force bypass phenomena and, in addition, reduce the effect of differences in mechanical characteristics between subjects on sensor output. The use of arrays which cover the entire contacting area would also provide information about load shapes and pinch/grasp configurations. Finally, an array which covers the entire finger pad will ensure that all of the applied load is sensed and provide pressure (force distribution) information.
D. Temperature Effects
Silicon piezoresistors exhibit significant drift with temperature. Although a Wheatstone bridge configuration helps to minimize temperature effects, compensation is still necessary in many applications. Since the experiments described here were performed in a controlled laboratory setting, temperature compensation was not necessary. For use in FNS systems, where the sensor may be exposed to widely varying temperatures, temperature compensation may be necessary. Many methods of temperature compensation are available [36] , [37] . Ideally temperature compensation should be included on the sensor itself. The necessary temperature compensation circuits can be fabricated on the sensor away from the diaphragm, thus, the compensation circuit is subjected to the same temperature changes as the bridge.
V. CONCLUSION
While many descriptions of silicon-based tactile sensors exist in the literature, few were designed for use on the human skin. Sorab et al. [10] modified a commercially available silicon pressure sensor for use in the hand and Neuman et al. [27] and Ko et al. [26] developed silicon-based force sensors for biomedical applications. In both cases, the resulting sensors were too bulky for long-term use on the hand. The sensor described utilizes a polyimide-based packaging scheme to incorporate a silicon-based sensor in flexible skin which facilitates use at the skin/load interface. The results of testing on human subjects is encouraging. Current and future work include finite element modeling of sensing elements capable of shear force measurement and the fabrication of arrays of closely spaced sensing elements in the polyimide skin.
